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Abstract: We present a „hybrid‟ imaging approach which can image both 
light absorption properties and acoustic transmission properties of an object 
in a two-dimensional slice using a computed tomography (CT) 
photoacoustic imager. The ultrasound transmission measurement method 
uses a strong optical absorber of small cross-section placed in the path of 
the light illuminating the sample. This absorber, which we call a passive 
element acts as a source of ultrasound. The interaction of ultrasound with 
the sample can be measured in transmission, using the same ultrasound 
detector used for photoacoustics. Such measurements are made at various 
angles around the sample in a CT approach. Images of the ultrasound 
propagation parameters, attenuation and speed of sound, can be 
reconstructed by inversion of a measurement model. We validate the 
method on specially designed phantoms and biological specimens. The 
obtained images are quantitative in terms of the shape, size, location, and 
acoustic properties of the examined heterogeneities. 
©2010 Optical Society of America 
OCIS codes: (170.5120) Photoacoustic imaging; (170.0110) Imaging systems; (170.4580) 
Optical diagnostics for medicine; (170.3010) Image reconstruction techniques. 
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1. Introduction 
Near-infrared photoacoustic (PA) imaging has garnered much attention [1] in imaging of 
various pathological states related to vascular condition and function. Some important 
applications of this technique include breast cancer detection [2–5], skin cancer visualization 
[6] and small animal imaging [7–10]. The technique relies on irradiating tissue with 
nanosecond pulses of visible or near infrared (NIR) light. Optical absorption in tissue causes 
thermoelastic expansion, which produces broadband pulses (MHz) of acoustic energy. These 
pulses propagate through the tissue with 2-3 orders lower scattering compared to light and can 
be detected at the tissue surface [11] at multiple positions. PA Imaging thus combines the 
typically high optical absorption contrasts of vascular-related pathologies with the high 
resolutions associated with ultrasound imaging. 
The presence of an ultrasound detector in the typical PA imaging configuration, 
immediately suggests the possibility to perform additional imaging of the acoustic properties 
of the subject either simultaneous or sequential to the PA studies. Jin et al. [12] used an extra 
ultrasound transmitter in an additional measurement to perform transmission tomography in a 
conventional PA imaging system to obtain speed of sound (SOS) maps. This method can be 
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likened to ultrasound computed tomography (USCT) which is being applied to image the 
female breast [13,14]. 
Recently, we showed [15,16] the feasibility of obtaining SOS tomograms without the need 
for an additional ultrasound transmitter and extra measurements. The method is based on 
creating ultrasound by the interaction of the laser light with a strong absorber fixed in its path 
in the imaging tank. The propagation times of the ultrasound transients produced by this 
„passive‟ element through the object at angles around 360° are measured using a ultrasound 
detector array. We reconstructed the corresponding spatial distribution of the SOS by cross-
correlating the times-of-flight (TOF) of the measured signal with a reference measurement, 
acquired with the object retracted from the imaging tank. 
In addition to SOS imaging, acoustic attenuation tomograms can also be extracted from 
the „passive‟ element signals by analyzing amplitudes with and without the object [17]. 
Further, since the „passive‟ element has a small geometric cross-section, a major portion of 
the incident light illuminates the object allowing conventional PA computed tomography 
(CT) to be performed as well. 
In this paper, we extend our previous work in SOS imaging and perform for the first time 
hybrid imaging of light absorption, speed-of-sound and acoustic attenuation. We provide a 
short overview of the imager which we refer to as the passive element-enriched photoacoustic 
computed tomography (PER-PACT) system. We summarize the methods used for estimating 
integrated US transmission properties of the subject per projection, and the reconstruction 
methods used. We finally show the hybrid imaging of specially designed phantoms and 
biological specimens. 
2. Materials and methods 
2.1. Passive element enriched photoacoustic computed tomographic (PER-PACT) imager 
A schematic of the PER-PACT set-up is depicted in Fig. 1. The light source is a Q-switched 
Nd:YAG laser (Brilliant B, Quantel) with a frequency doubler delivering 6 ns pulses. For the 
experiments described here, 532 nm was used as the exciting wavelength. The object is 
mounted on a rotary stage and immersed in an imaging tank with water. 
 
Fig. 1. Schematic of the passive element-enriched photoacoustic computed tomographic (PER-
PACT) imaging setup 
The curvilinear array (Imasonic, Besançon, France) consists of 32 piezocomposite 
elements arranged in a curved aperture covering an angle of 85° with radius of curvature 40 
mm. The elements have a central frequency of 6.25 MHz with a receiving bandwidth greater 
than 80%. Individual elements have a dimension of 10 mm to 0.25 mm with an inter-element 
spacing of 1.85 mm. Each element in the curved surface is shaped to produce an elevation 
plane focus of 1 mm at a distance of 48 mm from the detector surface. The signals from each 
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detector element are amplified by 60 dB with a 32-channel pulse-receiver system (Lecoeur, 
Paris) with a sampling rate of 80 MHz. Prior to each set of measurements, a calibration 
measurement was performed using a horsetail hair phantom, to ascertain the imaging 
geometry such as the centre of rotation and position of detector elements. 
The passive element was a horsetail hair with a diameter of 250 µm positioned at a 
distance of 90 mm from the array (Fig. 1). The arrangement was such that the object lies 
completely within the fanbeam traced by the line of sight from passive element to the edge 
detector elements for all projections. The ultrasound detector measures conventional 
photoacoustic signals from the object in addition to the passive element signals. The two sets 
of signals have different times-of-flight (TOF); the interference of these two signals at the 
detector can be avoided by choosing a proper time window during the analysis. A reference 
measurement is made by retracting the object, allowing the ultrasound to propagate in water 
alone. The signals from reference and object measurements are analyzed yielding time-of-
flight (TOF) differences and acoustic attenuation changes compared with the reference. 
Obtaining multiple projections around the object permits reconstruction of the cross-sectional 
map of the acoustic attenuation and speed-of-sound. 
The spatial resolution in fan beam geometry is dependent on the spacing between the 
„rays‟ in each „view‟. Here, „rays‟ refers to the single measurement of the relevant density 
function integral along a narrow acoustic beam from the passive element. While a „view‟ can 
be defined as a collection of such rays which together form the projection of the density as 
seen from a particular angular projection. The minimum number of detector elements Nmin or 
the angular „views‟ required to obtain a faithful image function without aliasing can be 
calculated using [18]: 
 
4
min
1 sin
2
R
mN



 
  
 
 (1) 
where 
m  is the required highest spatial frequency, R is the distance from the center point to 
the outermost pixel in the area of interest and   is the opening angle of the fan beam from 
passive element to the detector array. 
In our experimental geometry ( m  = 2.5 lines mm
1, R = 28 mm, and   = 40°), 1336 
angular „rays‟ on the circle of diameter 80 mm are required. Considering 32 rays in one 
angular „view‟, leads to a minimum of 42 angular „views‟ required to obtain a good spatial 
resolution. In the measurements we typically acquire 45 views around the object using 15 
mJcm2 of energy at 532 nm with 100 averages. 
2.2. Phantoms used 
The base material used for the phantom was 3% agar gel in water. Acoustic inhomogeneities 
were prepared according to Marinozzi et al [19] using 4% agar gel in a 80% dilution of milk 
in water. To acoustically characterize the samples, prior to imaging we used the insertion 
technique [20] and obtained SOS and acoustic attenuation values as 1498 ms1 and 0.15 
dBcm1MHz1 for the phantom, with 1505 ms1 and 0.4 dBcm1MHz1 for the 
inhomogeneities at room temperature (22° C). The acoustic values are consolidated in Table 
1, and detailed descriptions of the phantoms are provided below: 
(a) Imaging plane resolution: The minimum detectable SOS resolution ( s wc c c   ) can be 
calculated as 
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where 
sc is the SOS of the object, wc  is the SOS of the water (1490 ms
1 at room 
temperature), d is the thickness (25 mm transverse dimension of mouse), and t is the 
sampling interval of the data acquisition system (12.5 ns sampling frequency 80 MHz). The 
above equation leads to a minimum detectable SOS contrast ( c ) of 1 ms1 with the system, 
which is the integrated value between the passive element and detector element. To 
investigate the feasibility of mapping such an SOS contrast lumped into small targets, we 
developed a phantom embedded with acoustic inhomogeneities of various dimensions. 
Figure 2(a) depicts the layout of the phantom with its acoustic inhomogeneities; Fig. 3(a) 
shows the photograph of the phantom in preparation: Rod shaped agar-milk inserts have been 
placed on a pre-formed agar gel cylinder in a 25 mm diameter mould. The inserts are then 
submerged in aqueous agar solution which gels and forms the phantom. The cross-section of 
the inhomogeneities ranges from 2.6 mm to 4.6 mm. The smallest object of 2.6 mm (SOS 
1505 ms1) induces a TOF delay of 8 ns with respect to the phantom measurement, and is 
considered to be a sub-resolution target. The largest object of 4.6 mm cross-section induces a 
normalized TOF delay of 15 ns, greater than the sampling period Δt used. 
 
Fig. 2. Schematics of phantoms used for ascertaining (a) imaging plane resolution, and (b) 
elevation plane resolution. 
(b) Elevation plane resolution: To quantify the slice thickness, a cylindrical phantom 
comprising two regions of different SOS was made, as shown in Fig. 2(b). Imaging slices are 
made of the object on either side and across the interface. 
(c) Hybrid imaging: To investigate the feasibility of hybrid imaging of light absorption, 
simultaneous with acoustic transmission parameters, a biological specimen composed of 
porcine muscle and adipose tissue was prepared. Figure 5(a) shows the top view of the 
specimen (20 mm thick) with the inset picture showing the lateral view. It consists of four 
layers (from left to right) muscle, adipose tissue, muscle, and a subcutaneous layer of muscle 
with fat content. SOS and acoustic attenuation values of muscle were characterized prior to 
imaging as being 1585 ms-1 and 1.22 dBcm-1, and for adipose tissue 1514 ms1- and 2.32 
dBcm-1 respectively. The acoustic attenuation values were estimated at a frequency of 5 MHz 
from the measurements. 
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Table 1. Acoustic properties of the phantoms and biological specimen measured using the 
insertion method at 22°C 
material 
Function 
speed-of sound 
(ms1) 
acoustic attenuation 
(dB cm1MHz1) 
water coupling medium 1490 0 
3% agar gel 
base material phantoma
 
1498 0.15 
4% agar gel in 80% 
milk 
inserts in phantoma
 
1505 0.4 
muscle tissue 
part of biological specimenb
 
1585 1.22 
adipose tissue 
part of biological specimenb
 
1514 2.32 
aSee Fig. 2 for phantoms; bSee Fig. 5(a) for biological specimen 
2.3. Estimation of integrated ultrasound transmission parameters 
The first step to reconstruct SOS and acoustic attenuation tomograms is to estimate integrated 
TOF delays and attenuation along paths connecting the passive element with a detector 
element. 
(a) Speed-of-sound estimation 
The speed-of-sound may be calculated in the time domain or the frequency domain 
(i) Time-domain estimation 
A passive element template signal is estimated from the time domain signal traces of the 
reference measurement in water by averaging the received signals from all elements in the 
sensor array. In a matched filter approach, the time domain signals at each element for every 
view are correlated with the passive element template. By this we arrive at TOF values, which 
are accurate up to the sampling period Δt of the time signal. For sub-sample accuracy these 
TOF values will form initial values for a subsequent estimator as discussed further. 
In general when there is a time shift τ and a scaling A for the passive element signal h(t), 
the shifted signal f(t) is related by: 
 ( ) ( )f t Ah t    (3) 
The sampled version of the signal in a measurement window, is then: 
 Xz ( ) n ( ) nz z i zh Ah t       (4) 
where [1........ ]si N represents the sample number, with the vector 1z [z ......z ]
T
N  containing 
the sampled measurements, nz is additive noise and parameter vector x  is given by 
[ , ]TAx . When nz is Gaussian white noise with variance 
2
z , a maximum likelihood (ML) 
estimate of x  is obtained from: 
 
2
ML
ˆ arg min z- (x)x zhx  (5) 
Since the measurement function is a non-linear function of the time parameter, we can 
iteratively linearize it with a Gauss-Newton optimization using 
(1) (1) (1)ˆˆ[ , ]TAx , where x  (1) 
is the initial value obtained from the matched filter approach. A full description of the time-
delay estimator is provided in Willemink et al [21]. 
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(ii) Frequency-domain estimation 
In tissue due to frequency dependent attenuation, dispersion is present, which causes various 
phase components of the broadband pulse to travel at different velocities. This could lead in 
cases to distortion in the signal shapes making a time-domain analysis inaccurate. 
In such cases, the phase spectral method may be used which is performed in the frequency 
domain. Here the FFTs (Fast Fourier Transform) of the sample and water signal are obtained; 
the phases are subtracted from each other. From this the phase velocities may be calculated 
as: 
 ( )
( )
1
( , )
c
wc
s c
w
l n

 




 (6) 
where   is the phase difference between sample and water signals at a specific frequency 
 , l is the ray-path defined at the rotation angle   and n is the detector position. 
Of the methods outlined above, time-domain maximum likelihood (ML) method has the 
advantage that all frequencies in the signal participate in the estimation which results in a low 
variance in the estimated value. The disadvantage is that the bias is higher for certain samples 
due to dispersive effects which are not modeled. The phase-spectral method while addressing 
the problem of dispersion does have the disadvantage that the variance in estimation is higher. 
Only a single frequency component contributes to the estimate and further no ML 
implementation has been developed. For the phantoms used, we decided to retain the time-
domain method. While this is not optimum, it provides a good first approximation to the 
integrated time delay estimate on the phantoms we used. 
(b) Acoustic attenuation estimation 
In the estimation of the ultrasound propagation parameters of the object, we also perform a 
reference measurement in water without the object. By this we can eliminate instrumental 
unknowns such as the transfer function of the transducer and its spatial dependency due to 
diffraction effects introduced by its finite aperture size. In terms of transfer functions, the 
dependence of the object signal and the reference signal can be written as: 
 ( ) ( ) ( )SY H Yw
    (7) 
where subscripts s and w stand for sample and water, and ( )H   is a transfer function that 
depends on various sample and water parameters: 
 ( ) exp ( | | )
0 ( )
y
H d j d
r c

   

 
    
 
 (8) 
Here the attenuation function is 0( ) | |
y
rd       where 0d  is the integrated 
attenuation constant, r is the reflection coefficient, y is power factor taken as 1 and ( )c   the 
SOS function. Parameterizing the propagation parameters as: 
 
0
0
r



 
 
  
  
x  where 
0
0
1 1
( ) wc c


   
We can write Eq. (7) as 
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 att ph( ) ( )exp[ ]SY Y h j hw
  (x) (x)  (9) 
with subscripts stands for attenuation and phase. We assume that the magnitude of the water 
signal ( )wY   is zero for all frequencies above the Nyquist frequency (half the sampling 
frequency 
1
2
s ) which is the case due to the finite bandwidth of the transducer. Further there 
is no DC component in the signal. From this we can construct the time domain measurement 
function from frequencies between DC and the Nyquist frequency as: 
 
2 att,2 ph,2
-1
att,m ph,m
( )exp[ ]
( ) Re FT :
( )exp[ ]
w
t
w m
Y h j h
h
Y h j h


  
  
   
   
(x) (x)
x
(x) (x)
 (10) 
Here FT1 is represents the inverse Discrete Fourier transform (DFT). We have used the fact 
that the conjugate symmetry of the DFT, valid for real signals, gives redundant information, 
so that only components up to m  (
2
n
m
 
  
 
) are needed in the model. Further as discussed 
earlier we have ignored 
1 , the DC component. 
The time-domain measurement vector ( )th t zz x n  can now directly be used to 
formulate an estimator. We applied the DFT operation to convert the zt into a frequency-
domain measurement vector F(zt), and then considered its magnitude |F(zt)| to develop a 
maximum likelihood estimator to extract the attenuation model 0( ) | | r      . Details 
of this estimator on the magnitude spectral data are fully described in Willemink et al [22,23]. 
2.4. Reconstruction of acoustic property distributions 
The unknown acoustic property distribution is discretized by sampling over a grid with 
uniform spacing. Each sample point on the grid represents the value of the acoustic property 
distribution at that location, off-grid points are interpolated via bilinear interpolation. The 
values of the grid points are represented in vectors ax  or cx . In case of attenuation 
distribution, ax  contains 0  and r values. In the case of SOS, cx  contains the object 
slowness values normalized with the background:  
 
c,k
1 1
( )k wc r c
 x  (11) 
where 
kr  is the position of the pixel k. The integrated attenuation and TOF estimated from the 
measurements are denoted by z. For each projection angle and each detector element such an 
estimated integrated value is available, resulting in a linear system: 
 z  Hx  (12) 
where H is the ray-driven discretized measurement model or simply the projection matrix. 
Although a more accurate model [13] exists, due to the small SOS difference considered in 
this paper, a ray tracing model was used for the proof of principle. H is based on tracing the 
projection lines for which the geometry of the complete experimental setup should be known: 
the positions of the detectors, the passive element and the center of rotation. The array of 
ultrasound detectors is a rigid construction with known spacing and relative positioning of the 
sensors with respect to each other. The position of the source with respect to the detector 
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array and the center of rotation are roughly known in advance. However small changes are 
possible in both, so a calibration experiment is always performed. 
Once the projection matrix H is constructed, the reconstruction of the acoustic property 
distribution is done by solving for x. Since the matrix H is large and sparse, the linear system 
can efficiently be solved with the LSQR algorithm. Both the attenuation and speed of sound 
distribution can be reconstructed using the above outlined algorithm. The matrix H can be ill-
conditioned, and regularization, the use of prior information in the form of a smoothness 
assumption is added. We applied regularization by adding the gradient of the reconstructed 
image in the cost function: 
 2 2 2argmin || || || )
x y
x
   
G G
x (|| z - Hx || H x || H x  (13) 
xG
H and yGH  are sparse matrices that represent the gradient of the acoustic property 
distribution in the x  and y direction respectively. The gradient is used to enforce smoothness 
on the solution. The parameter   controls the amount of smoothness required in the solution. 
The gradient acts as a low pass filter, meaning that high frequencies will be penalized more 
than low frequencies of the solution. This coincides with the prior knowledge we have on the 
object: the presence of low spatial frequencies is higher than the presence of high spatial 
frequencies. 
2.5: Reconstruction of light absorption distribution 
A modified filtered back projection algorithm [24] is used to reconstruct the images. The 
amplitude of the generated PA signals is directly proportional to the optical absorption of the 
illuminated tissue, which follows from the relationship: 
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where ( , )p r t  denotes the excess pressure caused by the absorption of short optical pulse. 
( , )s r t  is the heat source term which is the absorbed energy per unit volume and unit time. 
pC denotes the specific heat,  is the coefficient of thermal heat expansion and c the speed of 
sound. In order to calculate the optical absorption as a function of position the relation 
( , ) ( ) ( )s r t A r I t  is used, where A(r) is the spatial distribution of the absorption coefficient 
and I(t) is the illumination in time. Equation (14) can be rewritten by the use of a Green‟s 
function to: 
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The solution for A(r) can be approximated by backprojecting the pressure wave signals over 
circular paths around the detectors. 
3. Results and discussions 
3.1. Resolution studies 
Figure 3(a), shows the photograph of the unfinished phantom with the acoustic 
inhomogeneities before aqueous agar solution is poured into the mould. Figures 3(b) and (c) 
show the tomograms of the SOS and the frequency dependent acoustic attenuation 
respectively, taken at the same slice in the prepared phantom. 
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Fig. 3. (a) Photograph of the phantom during preparation showing the gel inserts in the mould, 
(see also Fig. 2(a)) (b) speed of sound (SOS) image of the finished phantom, and (c) 
corresponding frequency dependent acoustic attenuation image. 
The reconstructed images of acoustic propagation clearly show the gross features of the 
hidden inhomogeneities. In the SOS image the 5 mm milk-agar inserts show a SOS of 1505 
ms1, which is in good agreement with independently characterized values (Table 1). The sub-
resolution targets show a SOS of 1501 ms1 with a spread over a slightly larger area than the 
original dimension (3.2 mm compared with the actual 2.6 mm). This is likely due to the 
resolution limit of the system, the detection of sub-sampling period TOF delays is strongly 
influenced by SNR and leads to inaccurate SOS estimation. 
In the frequency dependent attenuation image (Fig. 3(c)), the inhomogeneities are 
faithfully reconstructed with the expected attenuation values (0.4 dBcm1MHz1) and 
dimensions. However, there are artifacts at the boundary of the phantom with the presence of 
concentric rings. This is most likely due to ray refraction at the boundaries leading to 
multipath propagation [25]. This occurs when more paths than the line-of-sight path exist 
between passive element and detector due to refraction. The TOF of multipath signals will 
have small propagation time differences: the signals interfere so that the assumed model of 
measuring a single signal is not valid. Therefore the results exhibit artifacts of high 
attenuation and amplification at the boundaries. 
 
Fig. 4. Average values of speed-of-sound tomograms obtained by imaging the phantom (see 
Fig. 2(b)) at various heights. 
We obtained multiple SOS tomograms spaced 1 mm apart in the z direction of the 
phantom described in Fig. 2(b). Figure 4 is the average SOS value of each image plotted 
against the corresponding slice number. The SOS values obtained are 1506 ms1 in the agar-
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milk layer and 1497 ms1 in the agar-only layer (See Table 1). As the interface between the 
two layers is spanned, the relative influence of the layers is seen in intermediate values of 
SOS. The transition between the two values extends over 5 z-axis positions (5 mm). Thus the 
slice thickness or elevation plane resolution of the system can be defined as close to 5 mm, 
and this value is expected from the imaging geometry and the dimension of the individual 
piezocomposite elements. 
3.2. Hybrid imaging 
Figure 5(a) is the photograph of the top-view of the biological specimen, with inset showing 
the lateral view. The layers can be identified from left-to-right: muscle, adipose and muscle. 
The fourth layer composed of muscle-fat mix is barely visible as different from muscle tissue. 
Figures 5(b)-(d) show the reconstructed images of photoacoustic intensity, speed of sound 
(SOS) and frequency-dependent acoustic attenuation respectively. 
 
Fig. 5. (a) Photograph of the top-view of the biological specimen. Inset shows the side-view. 
Three layers are identified: from left-to-right muscle, fat, muscle. A fourth layer composed of 
muscle mixed with fat is barely distinguishable, (b) the photoacoustic image shows only the 
surface of muscle tissue, (c) the speed of sound image shows three layers, while in the (d) 
acoustic attenuation image the fat and mixed muscle-fat layers are visible. 
The photoacoustic image shows only the outer surface of the muscle tissue; this is due to 
the high absorption and thus limited light penetration depth at 532 nm. Adipose tissue has low 
absorption in the green and exhibits a low photoacoustic response. The SOS image resolves 
the muscle from fatty tissue clearly with values obtained for speed-of-sound (1572 ms1 and 
1525 ms1 respectively) close to previously measured values. The mixed layer is 
indistinguishable from the neighboring muscle tissue. 
The value of acoustic attenuation is higher in adipose tissue compared to muscle, making 
the acoustic attenuation image appear complementary to the SOS image. The values are close 
to the values obtained in the characterization measurements. (see Table 1.) Significantly, the 
mixed muscle-fat layer is clearly visible in the image due to the higher content of fat in the 
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tissue. This shows the sensitivity of the system and also the relevance of performing hybrid 
imaging to distinguish the different tissue structures; the mixed layer would otherwise not be 
uncovered from only photoacoustic or speed-of-sound images. 
4. Summary 
In summary, we have demonstrated a „hybrid‟ imaging approach which can simultaneously 
image both optical absorption properties and acoustic transmission properties of an object in a 
two-dimensional slice by adding a „passive‟ element to a computed tomography 
photoacoustic imager. The reconstructions are correctly showing the structure of the 
inhomogeneities. Also the reconstructed speeds of sound and acoustic attenuation values are 
in good agreement with the actual values obtained from the characterization measurements. 
The images obtained show the feasibility of our technique to resolve the time of flight 
difference as low as 12.5 ns with a slice thickness of 5 mm. The obtained photoacoustic 
image however shows only the outer surface of the muscle tissues, which is due to the 
wavelength used in the experiment. It is evident that the light penetration depth is limited at 
532 nm due to the high optical absorption and scattering in the tissue. 
The PER-PACT system provides an intrinsically hybrid tool to image ultrasound 
transmission parameters without any additional measurement to the conventional 
photoacoustic imaging protocol. Such an approach permits not only functional information 
from conventional photoacoustics to be extracted but also anatomic and morphological 
information from ultrasound parameter depiction. Since the speed of sound in cancerous 
tissue (1559 ms1) is different from that in surrounding fat (1470 ms1) and glandular tissue 
(1515 ms1) [14], we believe that this hybrid imaging modality has provided enhanced 
potential in tumor detection than photoacoustic imaging alone. 
The samples used in the experiment possess small SOS differences, for which the ray 
model used to recover speed of sound and acoustic attenuation is satisfactory. However, for 
higher speed of sound differences, in future we will use an approximated solution to the wave 
equation [13] with a spatially varying speed of sound function. This solution incorporates 
refraction effects of the propagating wave due to the speed of sound inhomogeneities. 
Further, the obtained speed of sound (SOS) values can be used as a feedback to correct 
photoacoustic reconstruction in the presence of SOS inhomogeneities thereby improving 
resolution and contrast [26]. Future work using the PER-PACT approach is in performing 
hybrid imaging of small animals using near-infrared wavelengths. 
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